Cerebral blood flow can be measured with magnetic resonance imaging (MRI) by arterial spin labeling techniques, where magnetic labeling of flowing spins in arterial blood water functions as the endogenous tracer upon mixing with the unlabeled stationary spins of tissue water. The consequence is that the apparent longitudinal relaxation time (T1) of tissue water is attenuated. A modified functional MRI scheme for dynamic CBF measurement is proposed that depends on extraction of T1 weighting from the blood oxygenation leveldependent (BOLD) image contrast, because the functional MRI signal also has an intrinsic T1 weighting that can be altered by variations of the excitation flip angle. In the ␣-chloraloseanesthetized rat model at 7T, the authors show that the stimulation-induced BOLD signal change measured with two different flip angles can be combined to obtain a T1-weighted MRI signal, reflecting the magnitude of the CBF change, which can be deconvolved to obtain dynamic changes in CBF. The deconvolution of the T1-weighted MRI signal, which is a necessary step for accurate reflection of the dynamic changes in CBF, was made possible by a transfer function obtained from parallel laser-Doppler flowmetry experiments. For all stimulus durations (ranging from 4 to 32 seconds), the peak CBF response measured by MRI after the deconvolution was reached at 4.5 ± 1.0 seconds, which is in good agreement with (present and prior) laser-Doppler measurements. Because the low flip angle data can also provide dynamic changes of the conventional BOLD image contrast, this method can be used for simultaneous imaging of CBF and BOLD dynamics.
Summary:
Cerebral blood flow can be measured with magnetic resonance imaging (MRI) by arterial spin labeling techniques, where magnetic labeling of flowing spins in arterial blood water functions as the endogenous tracer upon mixing with the unlabeled stationary spins of tissue water. The consequence is that the apparent longitudinal relaxation time (T1) of tissue water is attenuated. A modified functional MRI scheme for dynamic CBF measurement is proposed that depends on extraction of T1 weighting from the blood oxygenation leveldependent (BOLD) image contrast, because the functional MRI signal also has an intrinsic T1 weighting that can be altered by variations of the excitation flip angle. In the ␣-chloraloseanesthetized rat model at 7T, the authors show that the stimulation-induced BOLD signal change measured with two different flip angles can be combined to obtain a T1-weighted MRI signal, reflecting the magnitude of the CBF change, which can be deconvolved to obtain dynamic changes in CBF. The deconvolution of the T1-weighted MRI signal, which is a necessary step for accurate reflection of the dynamic changes in CBF, was made possible by a transfer function obtained from parallel laser-Doppler flowmetry experiments. For all stimulus durations (ranging from 4 to 32 seconds), the peak CBF response measured by MRI after the deconvolution was reached at 4.5 ± 1.0 seconds, which is in good agreement with (present and prior) laser-Doppler measurements. Because the low flip angle data can also provide dynamic changes of the conventional BOLD image contrast, this method can be used for simultaneous imaging of CBF and BOLD dynamics. Key Words: Blood volume-Energy-Metabolism-Neuronal activation-Neuroimaging-Oxygen.
The early studies of Kety and Schmidt (1945) utilized nitrous oxide as tracers of diffusible inert gases to measure cerebral blood flow (CBF). Although these global methods were not sensitive enough to detect local CBF changes induced by peripheral sensory stimulation, these steady-state measurements provided the first quantitative window of tissue viability, metabolism, and function (for a review see Siesjo, 1978) . Decades later, Sokoloff and coworkers (Reivich et al., 1969) introduced the idea of using intravascular radioactive tracers (e.g., [ 14 C]iodoantipyrine) to measure regional CBF in absolute units at steady-state with an autoradiographic approach. To extend these autoradiograhic methods (which required the animal to be sacrificed) for human studies, analogous schemes were developed with positron emission tomography (PET) in conjunction with 15 O-water in blood , provided that water is a freely diffusible tracer that crosses the blood-brain barrier readily (Eichling et al., 1974) . Although detection of 17 O-water with magnetic resonance spectroscopy allowed CBF quantitation in a similar way, its low sensitivity did not allow significant improvements in spatial resolution (Arai et al., 1991; Pekar et al., 1991; Fiat and Kang, 1993) . In the early 1990s, Kortesky and coworkers Williams et al., 1992; Zhang et al., 1992) showed that the passage of water, which if assumed to be a freely diffusible tracer across the blood-brain barrier (Herscovitch et al., 1983) , could be followed from changes in the intensity of the magnetic resonance imaging (MRI) signal arising from spins in the tissue water. As a consequence of both theoretical and experimental advances in functional MRI (fMRI) over the last decade, steady-state CBF measurements in absolute units can now be routinely achieved with high-spatial-resolution MRI utilizing water as an endogenous tracer (for reviews see Barbier et al., 2001a and Calamante et al., 1999) .
Recently, however, there has been great interest in imaging CBF with high temporal resolution (Ogawa et al., 1998; Ugürbil et al., 2000) because the BOLD signal can be dynamically imaged in fMRI experiments, as shown from the very earliest days of fMRI (Blamire et al., 1992) and what is now called event-related fMRI (Buckner et al., 1996; Rosen et al., 1998) . Relative changes in blood flow can be dynamically measured with laser-Doppler methods (Adachi et al., 1992; Koketsu et al., 1992; Underwood et al., 1992) . Because the LDF signal is sensitive to the flux of red blood cells within the cerebral microvasculature, this technique is regarded as a standard for providing dynamic CBF measurements (Wadhwani and Rapoport, 1988) . However, the laser-Doppler flowmetry (LDF) technique is rather invasive and has crude spatial resolution. In contrast, both the PET and MRI steady-state methods can potentially be modified for dynamic CBF mapping in a noninvasive manner. Although improving the PET method toward dynamic CBF mapping is limited by hardware (Raichle, 1987) , modification of the MRI method is perhaps more feasible with current technology (Alsop and Detre, 1996) .
Perfusion sensitivity in MRI is mainly achieved by variations of the arterial spin labeling (ASL) technique (for reviews see Barbier et al., 2001a and Calamante et al., 1999) . Magnetic labeling of flowing spins in blood water (e.g., by inversion or saturation) functions as an endogenous tracer. Upon crossing the blood-brain barrier, the labeled spins mix with the unlabeled stationary spins of tissue water and as a consequence of which the apparent longitudinal relaxation time (T1) of tissue water is attenuated. Because the underlying assumption is that water is a freely diffusible tracer between blood and tissue compartments, increasing the temporal resolution while maintaining high sensitivity for CBF quantitation is a compromise between times required for spin labeling and relaxation. Although the ASL techniques suffer from poor temporal resolution because of the waiting period required for exchange of labeled and unlabeled spins, alternative labeling methods (e.g., dynamic or pseudocontinuous) can be used to improve the temporal resolution at the cost of CBF sensitivity (Schwarzbauer and Heinke, 1998; Silva and Kim, 1999; Barbier et al., 1999) . Here we propose a customized fMRI scheme for dynamic CBF measurement that is dependent on extracting the T1 weighting from the BOLD signal. Although the gradient-echo BOLD image contrast with echo planar imaging (EPI) at high magnetic field strength shows high sensitivity toward apparent transverse relaxation time (T2*) of tissue water (Ogawa et al., 1998; Ugürbil et al., 2000) , there is also an intrinsic T1 weighting that can be altered by variations of the excitation flip angle (Gao et al., 1996; Glover et al., 1996) . In the ␣-chloraloseanesthetized rat, we show that the stimulation-induced BOLD signal change measured with two different flip angles can be combined to obtain a T1-weighted MRI signal that reflects the magnitude of the CBF change. The dynamic changes in CBF can then be obtained by deconvolution of the T1-weighted MRI signal using a transfer function derived with respect to parallel LDF experiments. Details of this MRI method for dynamic CBF and BOLD imaging are discussed, where the simplicity and multimodal nature of the method demonstrate potential for physiologic and pathologic studies in rodent models.
THEORY
Spoiling the transverse magnetization (M x ) after the end of each EPI acquisition creates a new steady-state for the longitudinal magnetization (M z ) after n sequential excitations (Epstein et al., 1996; Gao et al., 1988; Spritzer et al., 1990 )
where TR is the recycle time, is the flip angle, M O is the initial longitudinal magnetization, E 1 ‫ס‬ exp(−TR/T1), and T1 is the apparent longitudinal relaxation time (i.e., including the effects of CBF). Equation 1 contains terms that represent parts of M z at steady-state and the evolution from the fully relaxed condition to the steady-state. The dynamics of M z evolution during rapid pulsing, equilibrating towards the steadystate, are dependent on TR, , and T1. If TR and are constant during this equilibration phase, then the T1 can be shown to be linked to CBF. Simulations using Bloch equations show that if a step change in CBF is introduced after this initial equilibration phase, M z will establish another equilibration phase towards the different steadystate CBF value. Thus changes in T1 dynamically follow the different steady-state CBF values in both cases (because TR and are constant) because instantaneous changes in CBF cause slow variations in the T1weighted MRI signal (i.e., the transfer function is limited by TR, , and T1). However the transition between the two steady-state CBF values can only be corrected by deconvolution (see below). For gradient echo imaging, M x after the (n + 1) th excitation is given by
where TE is the echo time and E 2 ‫ס‬ exp(−TE/T2*). Because the EPI signal (S) from a raw image (with flip angle of ) is given by
the BOLD signal change (⌬S/S) during a physiologic perturbation is given by
The main requirement of this method is that the dynamic fMRI experiment be repeated twice with the same stimulation paradigm but with different flip angles: ␣ and ␤ are the low and high flip angles and represent the control (S C ) and labeled (S L ) signal intensities, respectively. Eq. 3 reduces to E 2 because the T1 contribution to the BOLD signal with a low flip angle of ␣ is negligible (Gao et al., 1996; Glover et al., 1996) , and thus Eq. 4 simplifies to exp[−TE × ⌬(1/T2*)] − 1, which is the traditional BOLD image contrast (Ogawa et al., 1998; Ugürbil et al., 2000) . However, with a high flip angle of ␤, Eqs. 3 and 4 contain the T1 contributions to the BOLD signal. Because CBF depends on T1, the magnitude of the change in CBF (i.e., ⌬ƒ) is due to an alteration of T1; i.e., ⌬(1/T1) (see Appendix).
where is the brain-blood partition coefficient for water (Roberts et al., 1996; Silva et al., 1997) and ⌬(1/T1) reflects the change in CBF measured by ASL techniques (Barbier et al., 2001a; Calamante et al., 1999) . Although theory Williams et al., 1992; Zhang et al., 1992) suggests that Eq. 5 is valid for estimating the magnitude of the CBF changes with short TR, the deconvolution of the resulting T1-weighted MRI signal is needed to obtain the dynamics of the CBF changes (see above and below). The T1-weighted MRI signal is extracted from the dynamic fMRI data with the two flip angles (i.e., ␣ and ␤ ).
The main assumption in Eqs. 5 and 6 is that the changes in T2* is identical in the two experiments and therefore can be canceled to reveal the T1-weighted MRI signal. It should be noted that the value of ⌬(1/T1) will be the same for practically any arbitrary pair of ␣ and ␤ values, but that choice of the flip angle pair (where ␣ < ␤) may affect perfusion sensitivity (see Appendix). Because the temporal profile of ⌬ƒ can be modeled to be a convolution between a transfer function (i.e., h(t)) and the actual CBF dynamics as measured by LDF (i.e., ⌬ƒ LDF ),
a temporal deconvolution is needed to obtain the actual CBF dynamics from MRI measurements [i.e., ⌬ƒ(t)]. Because changes in T1 "follow" changes in CBF (from one steady-state to another), true transients or dynamics (in perfusion) can only be determined by a deconvolution of the MRI signal. Thus, the temporal resolution of the derived data is dependent on the accuracy of the deconvolution process. Simulations suggest that for MRI data with low signal-to-noise ratio, the accuracy of the deconvolution process becomes poor and the temporal resolution of CBF dynamics would be lower than the TR of the MRI data. Although in previous studies of dynamic CBF imaging the value of h(t) has been assumed , in this study h(t) was determined for each stimulus duration and the efficacy of a generalized h(t) for the somatosensory cortex for the rat was also examined.
MATERIALS AND METHODS

Animal preparation
Male Sprague-Dawley rats (250 ± 34 g; Charles River, Wilmington, MA, U.S.A.) were anesthetized with 1% to 2% halothane in a 70:30 mixture of N 2 O and O 2 for surgical preparations. Intraperitoneal lines were inserted for administration of anesthetic and paralyzing agents. After tracheotomy was performed, rats were mechanically ventilated with 0.7% to 1.0% halothane in a 70:30 mixture of N 2 O and O 2 and paralyzed with intraperitoneal injections of D-tubocurarine chloride (0.25 mg/kg per half hour). A femoral arterial cannula was inserted for continuous blood pressure monitoring and periodic sampling of blood gases (PO 2 and PCO 2 ) and pH.
A pair of needle electrodes was inserted underneath the skin of each forepaw. The forepaw stimulation (2 mA, 0.3 milliseconds, 3 Hz) was applied with different stimulus durations (4, 8, 16, and 32 seconds). Each stimulus duration was repeated at least twice (separated by at least 20 minutes), but more repetitions were used if the systemic physiological status of the subject was sustained for lengthy periods. All whiskers on the snout were cut to avoid spurious activations from the whisker region of somatosensory cortex, which is adjacent to the forelimb regions (Paxinos and Watson, 1997). The scalp was retracted and removed to reveal the skull around the bregma. After these surgical procedures, halothane anesthesia was discontinued and anesthesia was maintained with intraperitoneal injections of ␣-chloralose (initial 80 mg/kg, followed by 20 mg/kg per half hour). Before the start of MRI and LDF measurements, an approximately 1-hour period was allowed for clearance of halothane after switching to ␣-chloralose anesthesia. The physiologic variables were controlled within the normal range (pH ‫ס‬ 7.38 ± 0.07, PCO 2 ‫ס‬ 36.7 ± 4.8 mm Hg, PO 2 ‫ס‬ 148 ± 18 mm Hg).
For the fMRI experiments (n ‫ס‬ 10), the skull was cleaned of all tissues and a layer of Saran Wrap was placed over the exposed wound. The rat was placed in a custom-made rodent holder, which allowed the bregma to be positioned at the center of the radio frequency coil and the head could be fixed with bite-bars in a stereotaxic-like manner. The head was tightly fixed by foam cushions on either side of the head to minimize motion. The rat was covered with a temperature controlled water blanket to maintain body temperature (∼37°C) throughout the experiments. The rat was then inserted into the magnet and the head was positioned at the magnet isocenter.
For the LDF experiments (n ‫ס‬ 9), the rat was placed in a stereotaxic frame (David Kopf Instruments, Tujunga, CA, U.S.A.), which sat on a vibration-free table inside a Faraday cage. A temperature controlled water blanket was placed under the rat to maintain body temperature (∼37°C) throughout the experiments. The skull over the forelimb somatosensory cortex (4 mm lateral to the midline and 1 mm anterior) was thinned (Detre et al., 1998) and special care was taken not to expose the dura.
Functional MRI experiments
All fMRI data were acquired on a 7T AVANCE (Bruker Instruments, Billerica, MA, U.S.A.) horizontal-bore spectrometer, which is equipped with actively shielded shim/gradient coils (18 G/cm) operating at 300.3 MHz for 1 H. The transceiver system consisted of a 1 H resonator (8 cm) for transmission of radiofrequency pulses and an orthogonally oriented 1 H surface coil receiver (1 cm). The two magnetically isolated coils were positioned orthogonal relative to one another such that the homogeneous regions of the two coils coincided, which minimized sensitivity losses in the receiver coil and permitted localized shimming and homogeneous transmission, as is required for uniform spin labeling in ASL techniques (for reviews see Barbier et al., 2001a and Calamante et al., 1999) . Perfusion sensitivity by ASL techniques can be obtained by both distal or "neck" (e.g., Barbier et al., 1999; Silva and Kim, 1999 ) and proximal or "head" (e.g., Kida et al., 2000; Schwarzbauer et al., 1996) spin labeling coils using the two-coil setup, where in the former case the labeling coil is located around the neck region and in the latter case the labeling coil is the homogenous transmitter. We chose the latter two-coil setup because of concerns of radiofrequency power deposition with the former two-coil setup, which can affect the temperature of the blood entering the brain (Barbier et al., 2001b) .
High spatial resolution anatomical MRI data were acquired in the coronal plane for positioning the slices over the somatosensory cortex. A thick coronal slice (∼10 mm) was shimmed (<20 Hz) to improve the sensitivity for fMRI experiments. Single-shot gradient echo EPI data (for all fMRI experiments) were acquired with sequential sampling (Hyder et al., 1995) (data matrix ‫ס‬ 32 × 32, in-plane resolution ‫ס‬ 625 × 625 m, slice thickness ‫ס‬ 2 mm, TE ‫ס‬ 20 milliseconds, TR ‫ס‬ 500 milliseconds). For each stimulus condition, fMRI data were acquired with low (␣ ‫ס‬ 19°± 7°) and high (␤ ‫ס‬ 59°± 11°) flip angles. The absolute CBF under resting conditions was acquired with the conventional ASL technique using sliceselective and nonselective inversion recovery EPI data with multiple inversion recovery times (ranging from 100 to 2,000 milliseconds) as previously described for the current two-coil setup (e.g., Hyder et al., 2000; Kida et al., 2000) (slice thickness for excitation ‫ס‬ 2 mm, slice thickness for inversion ‫ס‬ 10 mm, data matrix ‫ס‬ 32 × 32, in-plane resolution ‫ס‬ 625 × 625 m, TE ‫ס‬ 20 milliseconds, TR ‫ס‬ 8 seconds). An absolute CBF map was measured before and after each experimental fMRI run.
Laser-Doppler flowmetry experiments
All LDF data were acquired with a PF5000 (Perimed, Stockholm, Sweden) probe using a 780-nm-wavelength light source and operating at 250 milliseconds temporal resolution. Although the collected data were represented as percentage from the prestimulation baseline values, only the LDF temporal profile was needed (as in Eq. 7) for the current study. Because the transmission and detection probes were separated by 250 m, we detected a small volume (approximately 1 mm 3 ) in the cortex that coincided with the location of the largest BOLD activity detected by fMRI for this rat model .
Data analysis
All fMRI image analyses were performed using homewritten software on MATLAB domain (MathWorks, Natick, MA, U.S.A.). All data sets were examined for movement artifacts by a center of mass analysis, which was restricted to voxels within the brain boundary (Yang et al., 1998) . If the center of mass of a raw image in a series shifted by more than one quarter of a pixel (in either plane), the entire series was removed from analysis. The fMRI data with low (␣) and high (ß) flip angles were analyzed in the same manner to generate t and ⌬S/S maps. These functional maps were created on a pixelby-pixel basis using images in the prestimulation and the stimulation periods, because the poststimulation signal returned to baseline in a gradual manner . Because comparison of the phase and magnitude time series of the BOLD signal (data not shown) suggested that the fMRI activation map obtained from the low flip angle data (␣) series (i.e., T2* weighted) was devoid of large vessel artifacts (Menon, 2002) , we used the functional map with low flip angle (␣) to avoid the inclusion of inflow effects from large blood vessels in the CBF data.
The fractional changes in CBF (i.e., ⌬ƒ/ƒ) were calculated by combining ⌬ƒ (from Eq. 5) with the absolute CBF measured by an ASL technique (see above). For each rat, time courses from the same three or four activated voxels within the somatosensory cortex were analyzed. For each stimulus duration, the time courses from all rats were averaged. A similar group averaging was also performed with the LDF data. For each stimulus duration, the transfer function in Eq. 7, h(t), was obtained by deconvolution of the CBF data obtained by MRI and LDF, which was defined by a gamma variate function
where C 1 − C 4 are constants that were analytically determined. A generalized transfer function for the somatosensory cortex was determined by averaging the h(t) obtained for all stimulus durations. Dynamics of ⌬ƒ/ƒ for the deconvolved T1-weighted MRI signals and LDF signals were compared to determine the efficacy of the generalized h(t). Although the error analysis for the LDF data was based on the standard deviation (SD) from all combined measurements, the error analysis for the MRI data was determined by propagation of SD from the different MRI measurements (see Appendix). Because typical rodent brain data from our 7T system have high signal-to-noise ratio for TR Ն 500 milliseconds 2002) , simulations suggest that the deconvolved MRI data do not suffer sufficient degrading and the temporal resolution of CBF dynamics (obtained from the deconvolution) is expected to approximate the TR of our data. Figure 1A shows the representative time courses of BOLD signal change or ⌬S/S (average of four trials) during 4-second forepaw stimulation with two different flip angles (20°and 60°) from a single voxel indicted in the inset (white square), which shows the BOLD functional map obtained with the low flip angle data. The time-to-peak of the ⌬S/S time courses was not significantly dependent on the flip angle (∼6 seconds). The relative difference between the peak amplitudes of the ⌬S/S time courses with the different flip angles (i.e., 2.2% ± 0.5% and 1.3% ± 0.5% averaged from ␤ ranging from 48°to 73°(i.e., 59°± 11°) and ␣ ranging from 10°t o 28°(i.e., 19 ± 7°) for all rats) indicates the varied weighting of the first and second products on the right hand side of Eq. 4 which allowed extraction of the CBF change (see Appendix) using Eq. 6. Figure 1B shows the time course of the T1-weighted MRI signal obtained from the data shown in Fig. 1A (for an individual subject) with ␣ ‫ס‬ 20°and ␤ ‫ס‬ 60°, where the corresponding ⌬ƒ/ƒ map is shown as an inset. The time courses of the T1-weighted MRI signal obtained with different pairs of ␣ and ␤ values were insignificantly different (data not shown). However, the time courses of ⌬S/S and the T1weighted MRI signals were significantly dissimilar after stimulation offset: the BOLD signal had an undershoot whereas the CBF signal returned to baseline. Figure 2 shows the time courses of T1-weighted MRI signals for all the different stimulus durations (4, 8, 16, and 32 seconds) averaged across all rats (n ‫ס‬ 10). The time courses were obtained from approximately the same small region (three or four voxels) within the forelimb area (Paxinos and Watson, 1997) that overlapped with the volume detected by the LDF probe (Detre et al., 1998) . The CBF value in this somatosensory region was 0.8 ± 0.1 mL·g −1 ·min −1 under the current ␣-chloralose regimen. The value of ⌬ƒ/ƒ for the 4-second stimulation was approximately 20% lower than the values obtained for the longer stimulus durations. The magnitudes of the CBF change measured by MRI for the longer stimulus durations were in agreement with prior results for the same model Hyder et al., 2000) . The time-to-peak for the T1-weighted MRI signals time courses ranged from about 5.5 seconds to 7.0 seconds. To deconvolute the T1-weighted MRI signal time courses, as shown in Eq. 7, we performed CBF measurements with an LDF probe under the same stimulus and physiologic condition used in the fMRI experiments. The observed area of LDF measurements was approximately 1 mm deep from the dura with a volume of approximately 1 mm 3 using a 780-nm-wavelength light source and a 250 m separation between transmission and detection probes (Nielsen and Lauritzen, 2001) . In comparison, the MRI-sensitive area analyzed for the deconvolution was 1.1 ± 0.4 mm 3 . Figure 3 shows the LDF time courses obtained for all different stimulus durations (4, 8, 16, and 32 seconds) averaged across all rats (n ‫ס‬ 10). The LDF time courses for the longer stimulus durations (16 and 32 seconds) showed a peak followed by a plateau during the stimulation period, whereas the shorter stimulus durations (4 and 8 seconds) showed only a peak. The time-to-peak for the LDF time courses (3.9 ± 1.0 seconds) was much faster than the time-topeak for the (predeconvolved) T1-weighted MRI signals time courses (6.4 ± 1.9 seconds). Similar LDF temporal profiles have been reported previously for the same model (Ances et al., 2000; Matsuura and Kanno, 1999) .
RESULTS
For each stimulus duration, a transfer function [i.e., h(t)] was calculated with the data shown in Figs. 2 and 3 using Eq. 7. Although the individual transfer function for the respective stimulus duration can be easily applied to deconvolute the T1-weighted MRI signals for that stimulus duration, we tested the efficacy of using arbitrarily chosen transfer functions (determined for any stimulus duration) to deconvolute the T1-weighted MRI signals. In Fig. 4 , the deconvolved T1-weighted MRI signals are shown, where the different stimulus durations are shown in rows and the different transfer functions (as determined for the respective stimulus durations) are shown in columns. The data shown in the diagonal of Fig. 4 indicate the deconvolved T1-weighted MRI signals using the "exact" transfer function determined for the respective stimulus duration, whereas the data shown in offdiagonal regions are the deconvolved T1-weighted MRI signals using "arbitrary" transfer functions. The excellent from approximately the same small region (1.1 ± 0.4 mm 3 ) within the forelimb area and the time-to-peak for the (predeconvolved) T1-weighted MRI signal time courses was 6.4 ± 1.9 seconds (stimulus onset at 16 seconds).
deconvolution of the MRI time courses with "exact" or "arbitrary" transfer functions suggests that a generalized transfer function (with values of C 1 − C 4 of −1.07 ± 0.09, 0.50 ± 0.01, 1.00 ± 0.01, and 0.53 ± 0.03 in Eq. 8) can be used with good experimental accuracy. The time-topeak for the deconvolved T1-weighted MRI signals using the generalized transfer function (4.5 ± 1.0 seconds) was not significantly different from the time-to-peak for the LDF time courses (3.9 ± 1.0 seconds). The excellent agreement between the time-to-peak of the deconvolved T1-weighted MRI signals (gray line) and LDF signals (black line) time courses, shown in Fig. 5 , suggests that the output of the transfer function retained the temporal resolution of the MRI data. In each case, the deconvolved T1-weighted MRI signal (reflecting dynamics of the corrected CBF signal; gray line) is significantly different and separated from the pre-deconvolved T1weighted MRI signal (reflecting dynamics of the noncorrected CBF signal; dotted line).
DISCUSSION
Most ASL techniques suffer from poor temporal resolution because of the waiting period required for the exchange of labeled arterial spins with unlabeled tissue spins. Dynamic or pseudocontinuous spin labeling schemes can be used to improve the temporal resolution, but this is achieved at the cost of CBF sensitivity because of the decreased times used for spin labeling and relaxation (Barbier et al., 1999; Schwarzbauer and Heinke, 1998; Silva and Kim, 1999) . Because ASL methods inherently have low signal-to-noise ratio (Alsop and Detre, 1996; Calamante et al., 1999; Zhou and van Zijl, 1999 ), sacrificing further sensitivity may limit quantifying CBF changes in functional imaging studies. Because there is an intrinsic T1 weighting in the BOLD signal (Eq. 3), the combination of stimulation-induced ⌬S/S values measured with different flip angles (Fig. 1) illustrates a T1weighted MRI signal that reflects the magnitude of the CBF change (Fig. 2) . Because LDF experiments measure the real CBF dynamics (Fig. 3) , a transfer function (Eq. 8) can be used to deconvolute the T1-weighted MRI signal (Fig. 2) to reflect dynamic changes in CBF (Figs. 4 and 5) . Although the temporal resolution in the current study was 500 milliseconds, higher temporal resolution data can be used without significant sensitivity losses for dynamic CBF measurements. Because the transfer functions generated for each stimulus duration were insignificantly different in deconvoluting the T1-weighted MRI signals for the different stimulus durations (Fig. 4) , a generalized transfer function (see Results) can be used for CBF dynamics with this MRI approach (Fig. 5) . Although it is possible that the time course of the predeconvolved T1-weighted MRI signal may be related to vascular space occupancy, a recent blood volume method that exploits the small T1 differences between blood and tissue water (Lu et al., 2003) , the time course of the deconvolved T1-weighted MRI signal has been "corrected" for dynamics in CBF.
At low magnetic field strength, the inflow effect with conventional gradient echo or EPI pulse sequences is considered to be a nuisance (Duyn et al., 1994; Frahm et al., 1994) because the sensitivity of BOLD image contrast for small blood vessels is low (Ogawa et al., 1993; Kennan et al., 1994; Weisskoff et al., 1994) , and therefore the inflow effect is sensitive to deoxyhemoglobin washout in large blood vessels. In contrast, at high magnetic field strength the sensitivity of BOLD image contrast for capillaries and venules is higher (Kennan et al., 1994; Ogawa et al., 1993; Weisskoff et al., 1994) and the inflow effect in large arteries and draining veins can be minimized by using a low flip angle and a slow repetition time (Ogawa et al., 1998; Ugürbil et al., 1998) . However, only into the parenchyma will the enhanced signal from inflow be beneficial (Glover et al., 1996) . The inflow effect in capillaries and venules is relatively small (Gao et al., 1996) because the flow of red blood cells is higher in large vessels than in small vessels (e.g., 7 to 10 cm/s versus 0.1 to 0.5 cm/s, respectively). Prior studies from diffusion-weighted spin echo fMRI of the same rodent model (Hyder, 2004; Lee et al., 1999) suggest that at high fields these types of inflow effects are less pronounced. However, gradient echo fMRI data may still partially be susceptible to some artifacts even at high fields. Our prior rodent studies on the same scanner with spin echo and gradient echo data Kida et al., 2000) suggest that choice of experimental parameters in gradient echo data (e.g., voxel size, slice thickness, echo time, flip angle, repetition time) can further minimize or help to identify the contaminating FIG. 4. The deconvolved T1-weighted MRI signal time courses are shown for different stimulus durations (in rows) using different transfer functions (in columns). The data shown in the diagonal (outlined with dotted rectangles) indicate the deconvolved T1-weighted MRI signal time courses using the "exact" transfer function determined for the respective stimulus duration, whereas the data shown in off-diagonal regions are the deconvolved T1-weighted MRI signal time courses using "arbitrary" transfer functions. The excellent deconvolution of the T1-weighted MRI signal time courses with "exact" or "arbitrary" transfer functions suggests that a generalized transfer function for the somatosensory cortex can be used with good experimental accuracy. The difference between the LDF and deconvolved T1-weighted MRI signals is shown in gray. The time-to-peak for the deconvolved T1-weighted MRI signal time courses using the generalized transfer function (i.e., with values of C 1 − C 4 of −1.07 ± 0.09, 0.50 ± 0.01, 1.00 ± 0.01, and 0.53 ± 0.03 in Eq. 8) was not significantly different from the time-to-peak for the LDF signal time courses (i.e., 4.5 ± 1.0 seconds vs. 3.9 ± 1.0 seconds). signals from large blood vessels. In addition to optimized experimental parameters in the current study (see Functional MRI experiments in Materials and Methods) based on our current findings for excluding nuisance signals from large blood vessels, the CBF data in the current study were analyzed specifically to mask out any activities from unwanted inflow effects for large vessels by the BOLD data with low flip angle, which we believe is devoid of large vessel artifacts based on a comparison of the phase and magnitude time series of the BOLD data (Menon, 2002 ) (see 'Data analysis' in Materials and Methods).
The proposed MRI scheme for dynamic CBF measurements, by nature of its design, requires the assumption that two consecutive fMRI experimental runs (with low and high flip angles) are physiologically identical. The hemodynamic responses were reproducible for these consecutive experimental runs as reflected by the mean and standard deviation of the T1-weighted MRI signal data (Fig. 1) . Another requirement of this MRI scheme is to separately measure absolute CBF under the resting condition, as measured by conventional ASL techniques, so that the fractional change in CBF can be calculated (Fig. 2) . To ensure that the appropriate magnitude of CBF change was calculated, the absolute CBF data were collected before and after each fMRI experimental run (see Materials and Methods). In comparison, Silva and Kim (1999) have proposed a pseudocontinuous ASL method for dynamic CBF mapping where two experimental runs are also necessary (i.e., with and without spin tagging) and the combination provides absolute CBF data. However, this method uses the two-coil setup where the labeling coil is located around the neck region. There are some concerns of radiofrequency power deposition with this two-coil setup (Barbier et al., 2001b) , which in turn can affect the temperature of the blood entering the brain (Trübel et al., 2003) and alter oxidative metabolism (CMRO 2 ) at baseline .
The "nominal" temporal resolutions of the Silva and Kim (1999) method and the current approach are ultimately dependent on the accuracy of the deconvolution process because the deconvolved signal has to accurately match the time course of the dynamics of the true changes in CBF. If a smoothed function of CBF dynamics is used to obtain the transfer function, then an apparently smoothed deconvolved signal will be generated and the method will have the same temporal resolution as the initial MRI measurements. In the Silva and Kim (1999) study the transfer function, needed to deconvolve the CBF data, was assumed for a single stimulus duration. In comparison, in the current study transfer functions were determined on the basis of parallel LDF and MRI measurements for several stimulus durations. Thus, it is plausible that the current method will have slightly lower In each case, the LDF signals changes are in good agreement with the time courses of the deconvolved T1weighted MRI signals because these signals were "calibrated"-using the generalized transfer function for the somatosensory cortex as shown in Fig. 4 -to reflect the measured CBF dynamics. In each case, time-to-peaks for the predeconvolved T1-weighted MRI signals (∼6 seconds) were significantly delayed (by ∼2 seconds) from the time-to-peaks for the deconvolved T1-weighted MRI signals (∼4 seconds) or the LDF signals (∼4 seconds). Each horizontal tick mark on the horizontal axis represents 1 second, and the horizontal bar represents the stimulus duration.
temporal resolution but the generalized transfer function for the somatosensory cortex (Fig. 4) is likely to be more widely applicable because it is based on real CBF measurements. However, it is possible that there may be some misregistration of tissue volumes sampled by LDF and MRI. Although the LDF method measures red blood cell flow, it was assumed that the measurement is an accurate reflection of CBF dynamics because the temporal responses of red blood cells and plasma are not significantly different (Matsuura and Kanno, 1999) .
Several studies have shown the estimation of changes in CMRO 2 by using ASL methods combined with BOLD measurements in functional activation studies (Davis et al., 1998; Hoge et al., 1999; Hyder et al., 2001; . Although MRI pulse sequence manipulations can allow the ASL contrast to be almost simultaneously implemented with the BOLD contrast, the combined CBF and BOLD measurements as shown here may be useful in future studies for detecting dynamics in CMRO 2 .
CONCLUSION
Dynamic changes in CBF were measured noninvasively with MRI without the need for ASL. Because the inflow signal from the parenchyma was specifically enhanced by this approach, fractional changes in CBF were quantitated with high sensitivity of BOLD data. Thus, this modified scheme for fMRI allows multimodal imaging of both CBF and BOLD dynamically. The deconvolution of the inflow signal from the parenchyma was made possible by a generalized transfer function for the somatosensory cortex (in the rat) derived with respect to parallel LDF experiments. Because of the simplicity and multimodal nature of this fMRI scheme, it is expected that this method may be used in future physiologic and pathologic rodent and human studies with high spatiotemporal resolution.
APPENDIX
Numerical solutions of Bloch equations
Behavior of M z and the T1-weighted MRI signal in the proposed MRI method (see Theory) are demonstrated by numerical solutions of Bloch equations. From Eq. 1 it can be shown that the rate of evolution of M z towards a particular steady-state CBF value (i.e., constant T1) depends on TR and . Higher flip angles (or faster repetition) cause rapid equilibration toward the steady-state.
An abrupt change in CBF (i.e., a change in T1) causes a sluggish evolution of M z towards the new steady-state. Thus, the T1-weighted MRI signal changes slowly follow the shifts in CBF (Eq. 6). Variations of M z and the T1-weighted MRI signal are shown in Fig. 6 , where a step-change in CBF was introduced (horizontal black bar), ⌬S C /S C was lower than ⌬S L /S L , and other parameters (TR, TE, and T2*, and T1) before the change in CBF were fixed. Random noise was introduced to the ⌬S/S measurements. While eq. [6] suggests that practically any arbitrary pairs of ␣ and ␤ will generate identical values of ⌬(1/T1), the sensitivity of CBF estimation is affected by the choice of the flip angle pair (where ␣ < ␤). Simulations are shown for two experiments where the ␣/␤ pairs were 20°/60°(dark gray) and 40°/80°(light gray). The evolutions of the T1-weighted MRI signal and M z are shown by the thick traces with and without the symbols, respectively. The time-constant for M z to reach the initial steady-state CBF value was different for each flip angle (i.e., slower for lower flip angle), which in turn corresponded to different time-constants to reach the initial steady-state CBF value for the T1-weighted MRI signal with the different ␣/␤ pairs, i.e., longer for the 20°/60°pair (dark gray line with symbols) than the 40°/80°pair (light gray line with symbols). Although the evolution of M z (Eq. 1) shows small changes with the step-change in CBF (in all cases), their combination leads to a significant change in the T1-weighted MRI signal (Eq. 6). Although in both ␣/␤ pairs almost the same time courses of the T1-weighted MRI signal change are observed for the step-change in CBF, there is a notable difference in the sensitivity of the CBF change estimated from the 40°/80°pair versus the 20°/60°pair. This behavior can be explained by the insets where the dependence of B (left panel) and (right panel) with respect to ␣ are shown for different ␣ values. The dotted lines represent different values of ␤ − ␣, whereas the solid line represents the ␤ − ␣ value of 40°, which is the same for both ␣/␤ pairs. The dark and light vertical bars in each case represent B and values with 20°/60°and 40°/80°pairs, respectively. Because the value is slightly higher for the 20°/60°pair, the sensitivity of CBF estimation is lower for the 40°/80°pair.
Monte Carlo simulations for error analysis
Both the current MRI method and ASL techniques for measuring relative changes in CBF are based on the premise that CBF in absolute units (ƒ) is proportional to the difference between the apparent longitudinal relaxation rates of tissue water in the presence (1/T1) and absence (1/T1 o ) of flow Kwong et al., 1992) :
The net change in CBF (⌬ƒ) depends on the alteration of (1/T1) [i.e., ⌬(1/T1)] on a voxel-by-voxel basis:
Relative changes in CBF can be expressed as follows:
The difference between the current MRI method and ASL techniques is in the means by which ⌬(1/T1) is assessed. For most ASL techniques, differences in (1/T1) are assessed directly from measurements of T1, so that
where T1Ј is the apparent T1 during stimulation. For the current MRI method, ⌬(1/T1) is estimated by a combination of T1 and fMRI measurements (see Eqs. 5 and 6), such that ⌬f f = ͩ − ln͑⌬E 1 ͒ TR ͪͩ 1
where and E 1 have been defined in the main text (see Theory).
FIG. 6. Variations of M z (Eq. 1) and T1-weighted MRI signal (Eq. 6) for different flip angle pairs (where ␣ < ß). A step-change in CBF (by +100%) was introduced for 10 seconds (horizontal black bar), ⌬S C /S C was lower than ⌬S L /S L by a factor of approximately 2 (0.013 and 0.022), 20% uncertainty in the ⌬S/S measurements was assumed, and other parameters (TR = 0.108 seconds, TE = 0.02 seconds, T2* = 0.02 seconds, and T1 = 1.47 seconds) before the change in CBF were fixed. The evolutions of the T1-weighted MRI signal (with symbols) and M z (without symbols) are shown for two experiments where the ␣/ß pairs were 20°/60°(dark gray) and 40°/80°(light gray). The notable difference in CBF sensitivity between the 40°/80°pair and the 20°/60°pair can be explained by the dependence of B (left panel) and (right panel) in Eq. 6 on the values of ␣ and ß. The dotted lines represent different ß − ␣ values, starting at 4°and increments of 3°, whereas the solid line represents the ß − ␣ value of 40°, which is the same for both ␣/ß pairs (i.e., 60°− 20°= 40°and 80°− 40°= 40°). The low-to-high ß − ␣ values shift from top-to-bottom and bottom-top, respectively, for the left and right panels. The dark and light vertical bars in each case represent B and values with 20°/60°and 40°/80°pairs, respectively.
Error analysis for fractional changes in CBF differs between these two methods because the uncertainty for ASL techniques is mainly determined by inaccuracy of the T1 measurement, whereas for the current MRI method the uncertainty depends on propagation of inaccuracies from different measurements (i.e., T1 and fMRI measurements). Because an analytic derivation for the uncertainty for the current MRI method is lengthy, we chose to compare signal-to-noise ratio for the current method with three levels of uncertainty in fMRI measurements, to that of the typical ASL approach as a function of relative uncertainty in T1 on the basis of Monte Carlo simulations, using Eqs. A4 and A5 as well as typical experimental values for relevant parameters. Figure 7 shows the results of these simulations. When the relative uncertainty in T1 measurement is extremely low (below 0.4%), the ASL technique has greater signal-to-noise ratio than the current MRI method. However, because the current MRI method is less sensitive to inaccuracies in T1 measurement than the ASL approach, signal-to-noise ratio for the current MRI method is greater than that for ASL for higher levels of uncertainty in T1. The main reason for this difference in signal-to-noise ratio sensitivity to uncertainty in T1 between the two approaches is that most ASL techniques use pairwise subtraction of the labeled and control images (for reviews see Barbier et al., 2001a and Calamante et al., 1999) , whereas the current MRI method uses a pairwise ratio of labeled and control images, each on a voxel-by-voxel basis.
FIG. 7.
Comparison of signal-to-noise ratio for relative changes in CBF (⌬ƒ/ƒ) as a function of relative uncertainty in T1 measurement. Results based on Monte Carlo simulations (N = 10,000) for a voxel (based on Eqs. A4 and A5) in which representative mean values for relevant parameters were derived from experimental data (baseline T1 of 1.47 seconds decreases by 0.03 seconds on stimulation; ⌬S C /S C = 0.013 and ⌬S L /S L = 0.022, corresponding to flip angles ␣ = 20°and ß = 60°, respectively). The four curves represent sensitivity for the ASL technique (solid line), and the current MRI method with uncertainties in ⌬S/S corresponding to 20% (squares), 30% (diamonds), and 40% (circles) of ⌬S C /S C .
